We propose a novel thick-walled fluid-solid-growth (FSG) computational framework for modeling vascular disease evolution. The arterial wall is modeled as a thick-walled nonlinearly elastic cylindrical tube consisting of two layers corresponding to the mediaintima and adventitia, where each layer is treated as a fiber-reinforced material with the fibers corresponding to the collagenous component. Blood is modeled as a Newtonian fluid with constant density and viscosity; no slip and no-flux conditions are applied at the arterial wall. Disease progression is simulated by growth and remodeling (G&R) of the load bearing constituents of the wall. Adaptions of the natural reference configurations and mass densities of constituents are driven by deviations of mechanical stimuli from homeostatic levels. We apply the novel framework to model abdominal aortic aneurysm (AAA) evolution. Elastin degradation is initially prescribed to create a perturbation to the geometry which results in a local decrease in wall shear stress (WSS). Subsequent degradation of elastin is driven by low WSS and an aneurysm evolves as the elastin degrades and the collagen adapts. The influence of transmural G&R of constituents on the aneurysm development is analyzed. We observe that elastin and collagen strains evolve to be transmurally heterogeneous and this may facilitate the development of tortuosity. This multiphysics framework provides the basis for exploring the influence of transmural metabolic activity on the progression of vascular disease.
Introduction
An AAA is a localized permanent dilation of the abdominal aorta. If an AAA ruptures, it is a surgical emergency with reported in-hospital mortality rates up to 49% [1] . Currently, no medication is able to prevent AAA growth or rupture. While intervention is available, i.e., open surgery or endovascular aneurysm repair, both are associated with 30-day mortality rates of up to 4% [2] . Consequently, once an AAA is detected, patients undergo regular screening until it is deemed that the risk of aneurysm rupture exceeds the risk of intervention. Unfortunately, statistically based criteria such as maximum AAA diameter or AAA expansion rate are used as an indication for rupture. These fail to identify small aneurysms with high risk of rupture and those larger aneurysms which are at lower risk. Models of AAA evolution may lead to an improved understanding of the disease pathogenesis; this may be important for developing therapeutic interventions. Moreover, from a clinical perspective, it is envisaged that they may have the potential to assist personalized management of the disease by guiding frequency of follow-up monitoring prior to intervention.
In a young healthy human artery the wall consists of two mechanically significant layers, namely, the media-intima composite (inner) and the adventitia (outer). As the artery ages or becomes diseased, the intima is thickened. Hence, modeling the intima may be relevant for simulating AAA evolution. However, to the best of our knowledge, there are no experimental data found in the literature that quantify the temporal progression of intimal thickening. Hence, in the present work, we consider the mediaintima composite as one layer. The main load bearing structural elements in the arterial wall are the isotropic noncollagenous matrix material (i.e., ground substance, elastin, nonactived cells, etc.) and the two families of collagen fibers. The collagen network is continuously remodeled.
Structurally motivated hyperelastic material models are commonly used to model the mechanical response of arterial walls [3] . These are suitable for developing models that simulate the changing structure and composition of the artery during vascular disease evolution. For instance, Watton et al. [4] proposed the first mathematical model of AAA evolution. A realistic structural model for the arterial wall [5] was sophisticated to incorporate (temporal and spatially heterogeneous) variables which relate to the normalized (volumetric) mass density of the elastinous and collagenous constituents and the reference configurations in which the collagenous constituents are recruited to load bearing. Schmid et al. [6, 7] extended this approach to a thick-walled finite element (FE) model and Eriksson et al. [8] have recently sophisticated the theoretical formulation to model volumetric adaption. Valent ın et al. [9] proposed a novel 3D FE G&R framework using an integral-based approach to simulate G&R [10] [11] [12] .
Local hemodynamic factors influence the risk of aneurysm development and progression, in particular, aneurysm enlargement is believed to be linked to low WSS, see, e.g., [13] . Hence, spatial distributions of WSS distribution could influence G&R of arterial tissue and disease progression. Humphrey and Taylor [14] emphasized the need for a new class of models to study aneurysm evolution and introduced the terminology FSG models. These describe "the evolving changes in vascular biology, geometry, wall properties, and hemodynamics." Several FSG models are documented in the literature; they treat aneurysmal walls as a membrane [15] [16] [17] [18] [19] and adopt an integral or rate based approach to address the G&R of the arterial wall. However, the aorta is a thick-walled structure and there is a potential for transmurally nonuniform arterial G&R. This motivates the need for thickwalled FSG frameworks; to our knowledge, there are none yet available in the literature.
The focus of this study is to couple the thick-walled FE aneurysm evolution model developed by Schmid et al. [6, 7] to a FSG framework [17, 19] and to investigate the influence of transmurally nonuniform elastin degradation on AAA evolution. In order to illustrate the proposed methodology, one numerical example is analyzed in detail by using a patient-specific geometry of an abdominal aorta to obtain realistic flow patterns as input to G&R algorithms.
Methods
In this section, we briefly describe the methodology for this study. We start with the structural model of the arterial wall and continue with some aspects of hemodynamic modeling. Next, the models for elastin degradation and collagen G&R are described. Finally, the FSG framework is overviewed.
Structural Model of the Arterial Wall.
Here we describe the nonlinear solid mechanics required to capture the steady deformation of arterial walls. The artery is modeled as a two-layered thick-walled cylindrical structure where the inner layer is the media-intima composite and the outer layer is the adventitia. Each layer is composed of an isotropic noncollagenous matrix material (i.e., ground substance, elastin, nonactive cells, etc.), subsequently called elastinous matrix, and two families of collagen fibers.
Large Strain Kinematics.
Since we introduce compressible constitutive formulations for the tissues with a penalty term that is used to accommodate the incompressibility condition numerically, we base the kinematic formulation on a multiplicative split of the deformation gradient F ¼ J 1=3 F. Herein, J 1/3 I is associated with volume-changing deformations, where J ¼ detF > 0 defines the volume ratio, and the modified deformation gradient F, with det F ¼ 1, is associated with volumepreserving deformations of the material. The right Cauchy-Green tensor is C ¼ F T F, while the modified right Cauchy-Green tensor is given by C ¼ F T F with the three invariants of C according to
A cylindrical coordinate system is adopted to describe the arterial geometry with axial, azimuthal, and radial coordinates z, h, and r, respectively. The collagen fibers in both arterial layers are assumed to be oriented in a double helical pitch around the lumen, forming angles u i with the azimuthal coordinate h, where i ¼ 1, 2 denotes the fiber family within one layer. The fiber angles in the inner and outer layers can be different. Let ½M i ¼ ½sin u i ; cos u i ; 0 T be a unit vector representing the direction of the fiber family i in the reference configuration, and k 
where
The natural reference configuration of a collagen fiber might not be the same as the unloaded configuration of the artery due to the fact that the collagen fibers are wavy when the artery is unloaded. We assume that the collagen fibers have no compressive stiffness, and hence are unloaded until the modified elastin stretch k i e reaches a certain value, say k i rec , when the fiber is recruited to bear load. Thus, the modified collagen fiber stretch, say k i c , is modeled by a piecewise linear function of k i e , and the modified recruitment stretch k
2.1.2 Equilibrium and Constitutive Equations. The equilibrium equation without any body forces reads
where Div(Á) denotes the material divergence of (Á), and S is the second Piola-Kirchhoff stress tensor. The solution of the equilibrium Eq. (3) requires the computation of S. For a hyperelastic material S may be derived from a strain-energy function (SEF), 
where j is a (positive) penalty parameter and G serves only as a penalty function introduced to accommodate incompressibility. The penalty method for incompressibility is the basis for the numerical approach; see also Sec. 8.3 in Ref. [5] . The mechanical response of arterial tissue is modeled with contributions from the (isotropic) elastinous matrix and the two families of collagen fibers with orientations u i to the azimuthal axis. A neo-Hookean law with the SEF W e is used to describe the mechanical response of the elastinous matrix [20] according to
where k e is the related material parameter. The mechanical response of each collagen fiber family is modeled with a constitutive equation following [4, 21] 
where k i c1 ; k i c2 are the material parameters of the i-th collagen fiber family. Hence, the total isochoric SEF W iso of each layer is
where f e ʦ (0, 1], f i c 2 ð0; 1Þ are the normalized (volumetric) mass densities of the constituents [4, 6, 22] . Initially, the normalized densities are equal to 1, i.e., f e ¼ 1 and f i c ¼ 1, however, they can increase/decrease to simulate growth/atrophy of individual constituents.
Hemodynamic Modeling.
We use the computational fluid dynamics (CFD) approach as detailed in Ref. [19] . Briefly, during the FSG simulation, the flow domain is assembled and meshed, boundary conditions applied and the hemodynamic simulation is executed in an automated manner; this is achieved using (standard) ANSYS ICEM and CFX scripts and a PERL wrapper. The boundary of the flow domain is comprised of the inner surface of the structural model together with upstream/downstream sections to represent the geometry of the healthy abdominal aorta (obtained from computer tomography scans, refer to Ref. [19] for a detailed description).
ANSYS ICEM generates an unstructured tetrahedral mesh with prism layers lining the boundary of the fluid domain. This is the starting point for the creation of an unstructured tetrahedral mesh throughout the remaining volume domain. After meshing, the boundary conditions are generated. Blood is modeled as a Newtonian fluid with constant density q ¼ 1069 kg m À3 and constant viscosity g ¼ 0.0035 Pa s. No slip and no-flux conditions are applied at the arterial wall. The flow rate at the inlet and the pressure boundary conditions at the outlets are prescribed, see Fig. 1 . The governing equations for the fluid are the incompressible Navier-Stokes equations, which are solved by ANSYS CFX using a finite volume formulation [23, 24] .
Metabolic Activity in the Arterial
Wall. This section is concerned with the modeling of the metabolic activity in the arterial wall. We start by describing the functional forms of elastin degradation and continue to provide the link to WSSs. Finally, the methodology for collagen G&R is detailed. This follows [17] , however given that we are using a thick-walled model of the artery within a FSG framework, we sophisticate the approach to account for transmural degradation of elastin.
Biochemical evidence suggests that only a small fraction of elastin is left in aneurysmal tissue when compared to normal arterial tissue [25] . Thus we assume that aneurysm evolution is (partly) driven by the degradation of the elastinous matrix. Initially, we prescribe a loss of elastin to create a perturbation to the geometry of the domain. This alters the WSS distribution and subsequent elastin degradation is driven by deviations of WSS from (illustrative) homeostatic levels.
Prescribed Elastin Degradation.
The prescribed elastin degradation function does not depend on the WSS distribution. Here we consider a multiplicative decomposition of the normalized elastin density f e according to f e ðx; tÞ ¼ f e ðx; t ¼ 0Þ À f z ðzÞf h ðhÞf r ðr; tÞ (8) where x indicates space and t time. The degradation functions describing the variations in the axial, the circumferential and the radial directions, and the time are given by f z (z), f h (h), and f r (r, t), respectively. In this study the prescribed elastin degradation is considered to be independent of the circumferential coordinate h, i.e., f h (h) 1. The functional form for f z (z) is according to [4] 
where L is the length of the considered artery segment, z ¼ z=L, with z 2 ½0; 1, is the normalized axial coordinate and m 1 controls the "sharpness" of the elastin degradation function.
The thick-walled model allows the exploration of the transmural variations in elastin degradation. However, there is no experimental evidence of how elastin degradation propagates through the wall. Hence, we propose a functional form for transmural elastin degradation f r (r, t), which can be replaced later with an experimentally motivated one. For illustration, we consider a simple functional form to model the transmural profile of elastin, i.e., we assume a linear dependence in the radial direction. The elastin degradation is prescribed as a function of time at the inner and the outer boundaries of each layer, denoted as c The elastin content is considered to be low in the adventitia and it is the collagen that plays the main load bearing role in this layer. Taking this into account, we assume that the elastin degrades with a constant rate in the adventitia so that c 
Following Eq. (10), c min of elastin is left after the degradation time T. The elastin degradation function f r (r, t) describing the variation in the radial direction r, and time t is interpolated linearly throughout each layer. For the media-intima composite and for the adventitia, we have
where h is the normalized thickness of each layer
o being the inner and outer radii of the layer c, respectively. It can be seen, that with # ¼ 0 Eq. (11) reduces to the case of transmurally uniform degradation, i.e., f M ð h; tÞ ¼ f A ð h; tÞ ¼ cðtÞ.
Elastin Degradation Linked to WSS.
We suppose that the rate of elastin degradation @f e /@t is a function of space x, time t and WSS distribution s; here, the mean WSS s during the cardiac cycle is used. In order to couple elastin degradation with the magnitude of WSS, we follow Ref. [17] and choose the functional form for the elastin degradation rate as
where D max is the maximum degradation rate (how much of existing elastin can be degraded per year) and F D 2 0; 1 ½ is a spatially dependent
We assume that there is no elastin degradation if the WSS value is greater than a critical value, say s crit . Subsequently, elastin degrades for lower values of the WSS. In addition, we suppose that if a WSS value is lower than a certain value, say s X : 0 s X s crit , the maximum elastin degradation occurs. Finally, we assume a simple quadratic form for the normalized elastin degradation F D that describes the relation between the local WSS and the degree of elastin degradation [17] , i.e.,
2.3.3 Collagen Growth and Remodeling. We now concisely overview the approach for simulating G&R of collagen; for further details on the motivation of this approach, see Refs. [4, 17] and [22] . The collagen fabric of arterial walls is continuously remodeling via a process of fiber deposition and degradation. The standard assumption adopted in all constrained mixture models of arterial collagen remodeling is that new collagen fibers are configured to the matrix in a state of stretch: we refer to this as the attachment stretch k i a [4] ; note terminology includes deposition stretch or collagen prestretch. The related modified (GL) attachment strain is then computed as
The consequence of fiber deposition/degradation and new fibers being configured in a state of stretch is that the collagen fabric continuously remodels to maintain a homeostatic level of strain, i.e., the attachment strain. This process is simulated by a differential equation that evolves the recruitment stretch field throughout the artery, i.e., (14) so that the modified (GL) collagen strain E i c ¼ ½ð k i c Þ 2 À 1=2 remodels toward the attachment strain E i a ; a is a rate parameter related to the collagen fiber half-life.
A simple strain rate-based evolution law for the normalized collagen density is used according to
where b is a growth-rate parameter.
2.4
The FSG Framework. This section briefly describes the coupled framework. The structural model of the arterial wall is loosely coupled to the CFD analysis, which informs the G&R framework about changes of the hemodynamic conditions. This approach allows to account for very different time scales associated with G&R (weeks to years) and the cardiac cycle (about 1 s).
2.4.1 Solid Model: Initial Setup. The structural model of an artery, with given inner radius and length in the physiological state, is required. The length of the artery in a stress-free configuration can be computed using a (known) value of axial prestretch. We use an initial guess of the inner radius of the stress-free artery and then iterate to reach a given inner radius in the physiological state, which matches the (known) radii of up and downstream extensions. The model of a healthy artery is developed following Ref. [7] . The initial stress-free configuration is an opened-up thick-walled cylinder with the cross section as shown on the left side of Fig. 2 . The opening angle U 0 is defined by the rays OC and OE. Only half of the cylinder is used in this study, as shown on the right side of Fig. 2 .
First, the cylinder is closed by pulling CD (see Fig. 2 ) so that it is located on the same line as AB, while AB cannot move in the y-direction. Point A is displaced in the x-direction such that OC j j ¼ OA j j ¼ R i , where R i is the inner radius of the unloaded artery. In addition, the displacement of the bisector of angle AOC is prescribed such that it is located in the plane x ¼ 0 after the cylinder closure, and the inner radius matches R i . The displacement in the z-direction is prohibited during this procedure. The closure of the cylinder allows recreating circumferential residual stresses. Second, an axial prestretch and an internal pressure are applied to the arterial tube. The displacement boundary conditions are applied at the end cross sections: axial displacement is equal to zero at one end, and equal to the value of prestretch at the other end. The pressure boundary condition is applied at the inner surface of the artery. Third, the artery is remodeled following Eq. (14) until homeostasis is reached. The displacement boundary condition is applied at the ends of the tube: axial displacement is set to zero.
Next, the displacement boundary conditions are applied: all three normal displacements at the edges of the inner surface of the (9) and (11), and letting collagen grow and remodel according to Eqs. (14) and (15) . Table 1 lists the parameters that we adopted from Refs. [17] and [19] to generate a prescribed initial bulge in the arterial wall. In the last preparatory step, we temporarily increase the growth-rate parameter b tenfold and halt the prescribed elastin degradation. Within a year of such a remodeling procedure, the modified GL strain E i c of the collagen is close to the (homeostatic) attachment strain. This approach is to ensure that a subsequent aneurysm enlargement during the FSG coupling is not attributed to the collagen fabric not initially being in homeostasis. This configuration is the starting point for coupling the aneurysm evolution to blood flow.
Coupling
Between Solid, Fluid, and Growth. The coupling between the solid, the fluid, and the growth is performed in a repetitive loop. First, mechanical-equilibrium for the solid model is obtained, which determines the geometry of the arterial lumen and quantifies the strained state of the constituents/cells of the arterial wall, which drives the collagen G&R. Then, the patient-specific up and downstream extensions are attached to the geometry of the lumen. These collective parts together define the fluid domain. The fluid analysis with the arterial walls being treated as rigid is then carried out in order to quantify the mechanical environment of the endothelial cells (i.e., obtain the WSS distribution), which is then used to update the elastin degradation rate according to Eq. (12) . Subsequently, the elastin is degraded for a period of time, and the collagen adapts. Finally, the loop starts over again, using the updated arterial geometry to quantify the mechanical environment of the cells and to update the elastin degradation rates. patient-specific geometry of the abdominal aorta. The methodology to achieve this is detailed in Ref. [19] . We take advantage of nearly symmetric (left-right) WSS distribution in the aneurysm region and model only half of the solid domain. This allows to capture the major asymmetry in the patientspecific WSS distribution, saves computational time, and keeps the results relatively simple for the analysis. The geometrical parameters of the artery in homeostasis, the physiological loads and the known and fitted geometrical parameters of the stress-free configuration are listed in Table 2 . The material parameters for the artery model are summarized in Table 3 ; we have assumed the same mechanical properties for the two collagen fiber families. The parameters used for FSG model are given in Table 1 .
A Patient-Specific Example

Geometry and Modeling Parameters. The cylindrical model of the healthy arterial wall is integrated into a
Numerical Tools and Finite Element Mesh.
The balance Eq. (3) is solved using the Galerkin finite element method with the help of the FORTRAN based FE-solver CMISS [26] . The displacement field is interpolated linearly and the pressure field is approximated using constant values by enforcing the incompressibility condition element-wise. The thick-walled model of half of the aorta is meshed with 12 elements in the circumferential direction, 60 elements in the axial direction, and 12 elements through the wall thickness (eight elements in the media-intima composite and four in the adventitia).
Numerical Results
Here, we present the numerical results of the FSG simulation. Figure 3 shows the aneurysm shape evolution during the FSG and the evolution of the WSS distribution s. The plots exhibit a proximal-distal asymmetry: the aneurysm grows toward the upstream direction. In addition, there is a posterior-anterior asymmetry: the elastin degrades more in the posterior aneurysm region. No left-right asymmetry evolves because the solid model considers only the right half of the aneurysm region. Figure 4 shows the evolution of two FSG parameters in the aneurysm domain from 0 to 10 years in steps of 2 years. The distribution of the normalized elastin degradation F D is computed on the basis of a WSS distribution and is shown in Fig. 4(a) . According to the model, elastin should degrade faster in the regions with high F D value, while no degradation happens where F D ¼ 0. This behavior can be seen in Fig. 4(b 
The thick-walled model allows the investigation of the transmural variations in the aneurysm G&R. For further analysis we choose four locations on the inner wall, see Fig. 5 . The points A 1 and A 2 are located at the middle of the aneurysm region at the reference state, on the posterior and anterior wall, respectively. Later, the aneurysm grows upstream and pushes the lower part downstream. The points A 3 and A 4 are located at the posterior distal and the proximal aneurysm neck, respectively. Figure 6 shows the evolution of the transmural profile of the normalized volumetric mass density f e of elastin at the four locations A 1 ,…, A 4 , see Fig. 5 . Elastin is degrading continuously at A 1 and A 2 due to the low levels of WSS (see Figs. 6(a) and 6(b) ). One can observe a considerable level of asymmetry. Elastin degradation is slow at the distal aneurysm neck A 3 , see Fig. 6(c) , due to the high levels of WSS. Initially, intact elastin at the proximal aneurysm neck A 4 degrades fast (see Fig. 6(d) ), because the aneurysm and the region of low WSS levels propagate upstream. Figure 7 shows the evolution of the transmural profile of the circumferential modified GL strain E e of the elastinous matrix at the four different locations. Due to the loss of elastin during FSG the circumferential modified GL strain is gradually and asymmetrically increasing at the middle of the aneurysm region, see Figs. 7(a) and 7(b). The circumferential strain does not change significantly at the distal aneurysm neck, see Fig. 7 (c), while it increases significantly at the proximal aneurysm neck due to the aneurysm propagation in the upstream direction, see Fig. 7 
(d).
The circumferential modified GL strain distribution becomes more elevated toward the lumen during FSG.
The solid model is set up such that at t ¼ 0 years the modified GL strain E c of the collagen is close to uniform, see Sec. 2.4.1. The evolution of the transmural distribution of this quantity is shown in Fig. 8 . The magnitude of the collagen strain remains lower in the adventitia due to more axially aligned fibers, which are then less influenced by the increase in the circumferential strain than the collagen fibers in the media-intima. The magnitude of collagen strain remains almost uniform in each layer through FSG. However, rapid changes in the mechanical environment cause the elevation of the modified GL collagen strain toward the lumen at t ¼ 2.5 years, see Figs. 8(a)-8(c) . The effect of collagen G&R can be observed in the Figs. 8(a) and 8(b) . Until $2.5 years, the elastin loss is more rapid than the collagen G&R, which results in an elevation of the modified GL collagen strain following the increase in the circumferential strain. Then, the elastin loss slows down, see Figs. 6(a) and 6(b) due to the higher levels of WSS, and collagen G&R lowers the collagen strain after t ¼ 5 years. The collagen strain value is close to the homeostatic value at t ¼ 10 years, see Figs. 8(a) and 8(b) .
Finally, Fig. 9 shows the evolution of the distribution of the normalized collagen density f c through the arterial wall thickness at the four different locations. The distributions of f c at both posterior and anterior walls in the middle of the aneurysm region are quantitatively similar to each other with some level of asymmetry, see Figs. 9(a) and 9(b). The collagen amount at the proximal neck increases more than twofold from t ¼ 5 to t ¼ 10 years due to the aneurysm propagation upstream, see Fig. 9 (d). The normalized collagen density f c decreases at the distal aneurysm neck due to the retraction of the aortic tube end, see Fig. 9 (c).
Discussion
We present a thick-walled FSG framework and illustrate its application for modeling AAA evolution. The improvement over existing FSG models is that it incorporates a thick-walled model of the artery as opposed to a membrane approach. This represents a more realistic approach to model the abdominal aorta, and thus AAA evolution. Interestingly, we observe that the magnitude of the circumferential GL strain is elevated toward the lumen throughout the aneurysm enlargement. This observation may be relevant for modeling elastin damage/fragmentation due to mechanical damage (over-stretching) and thus has implications for modeling aneurysm evolution, which a membrane model would be unable to capture.
The limitations of the numerical model concern the geometry, the boundary conditions, reconstruction of the residual stresses and the finite element mesh. A conceptual model of the healthy abdominal aorta is utilized. The healthy aorta is modeled as a straight cylinder without tapering to the patient-specific up and downstream extensions. Asymmetry of the aneurysm may develop due to the contact with the spine; however, this was omitted for simplicity in the present study. The opening angle approach was used to reconstruct the circumferential residual stresses in the arteries. However, a 3D residual stress state is observed experimentally [27] . In addition, the opening angle approach is applicable only to cylindrical geometries and not to (the more realistic) 3D geometries obtained from medical images.
There are substantial mass and volume changes of tissue constituents during aneurysm evolution. The mass changes are explicitly modeled in the present framework via adapting constituent densities to simulate collagen growth and elastin degradation; however, volumetric changes are not modeled. Lack of consideration of the volumetric growth may lead to the computation of unrealistic wall stresses as the aneurysm evolves (unless a remodeled thickness is postprocessed). However, the present thickwalled arterial model allows the implementation of a volumetric growth model, which is not possible with available membrane models. The recent studies [8, 9] have proposed how to model volumetric adaption using integral-and rate-based G&R approaches, respectively. Predicting volumetric growth will enable the computation of more realistic stresses and the investigation of the stress-driven evolution laws versus the strain-driven ones.
The active response of smooth muscle cells (SMCs) contributes significantly to the mechanical response of a healthy arterial wall, while the adaption of the basal tone of SMC and the SMC apoptosis can influence the aneurysm evolution. The active response of SMC is omitted in the present model for sake of simplicity. The collagen fibers are produced by SMC in the media-intima composite and by fibroblasts in the adventitia. Hence, the SMC apoptosis should decrease the collagen production in the media-intima composite. Therefore, different growth laws might be considered for collagen fibers in the media-intima composite and the adventitia.
The intraluminal thrombus and the calcifications are not considered in the present framework. The blood flow is considered to be steady, while it is pulsatile in vivo. In addition, the arterial wall is assumed to be rigid for CFD, and thus, the framework does not account for fluid-structure interaction. These simplifications may influence the spatial distribution and magnitudes of the WSS. However, these assumptions are reasonable given they do not affect the qualitative behavior of the model; see Ref. [19] for further discussion. We modeled only half of the arterial domain and assumed left-right symmetry. This was to increase the computational efficiency of the structural solver and is reasonable given that the focus of the work is to extend the previous FSG framework [17] to a thick-walled approach. However, we point out that the WSS distribution is not symmetric, aneurysms may evolve to be asymmetric and thus a more general approach should be adopted for more realistic simulations. We assumed that the elastin degradation is driven by deviations from the magnitude of the WSS from a constant homeostatic value. However, the endothelium is heterogeneous. A recent sophistication to the modeling approach is to suppose that homeostatic values of mechanical stimuli are spatially and temporally heterogenous; this influences the qualitative behavior of the model, see, e.g., Aparicio et al. [19] .
Increased tortuosity of the abdominal aorta correlates with the vessel disease or aging [28] . Moreover, it is suggested that AAA tortuosity may be quantified and used to predict aneurysm rupture along with the maximum AAA diameter [29] . Hence a model that has the capabilities of predicting the evolution of AAA tortuosity may be of clinical value. In the present simulation it can be seen that the distal neck of the aneurysm has increased tortuosity after several years of FSG. In fact, the model predicts that the distal neck can become severely tortuous after a longer period of aneurysm evolution, see Fig. 10 . While this may be clinically unrealistic due to the prescribed boundary conditions, i.e., the artery model is fixed at the ends, it does illustrate the capabilities of this growth model for simulating the evolution of tortuosity.
Conclusion
To the authors' knowledge, this is the first thick-walled FSG framework for modeling the AAA evolution. Although the framework has a number of limitations, it is able to predict the typical AAA features observed in clinics such as aneurysm propagation in the upstream direction and the asymmetry in aneurysm evolution. Importance of the thick-walled approach is underlined by observation of transmurally nonuniform elastin and collagen strains. In addition, the thick-walled model can develop tortuous shapes which are not possible with a membrane model. Further development of the framework will help to better understand the pathology of abdominal aneurysmal disease on a patient-specific basis.
